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Many investigators have engineered diverse connective tissues
having good mechanical properties, yet few tools enable a global
understanding of the associated formation of collagen ﬁbers, the
primary determinant of connective tissue stiffness. Toward this
end, we developed a biomechanical model for collagenous tissues
grown on polymer scaffolds that accounts for the kinetics of
polymer degradation as well as the synthesis and degradation of
multiple families of collagen ﬁbers in response to cyclic strains
imparted in a bioreactor. The model predicted well both overall
thickness and stress-stretch relationships for tubular engineered
vessels cultured for 8 weeks, and suggested that a steady state had
not yet been reached. To facilitate future reﬁnements of the model,
we also developed bioreactors that enable intravital nonlinear
optical microscopic imaging. Using these tools, we found that
collagen ﬁber alignment was driven strongly by nondegraded
polymer ﬁbers at early times during culture, with subsequent
mechano-stimulated dispersal of ﬁber orientations as polymer
ﬁbers degraded. In summary, mathematical models of growth and
remodeling of engineered tissues cultured on polymeric scaffolds
can predict evolving tissue morphology and mechanics after long
periods of culture, and related empirical observations promise to
further our understanding of collagen matrix development in vitro.
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Soft connective tissues, including skin, fascia, ligaments, ten-dons, and arteries, must withstand physical forces that result
from physiological processes and diverse motions experienced in
everyday life. Although contractile cells can help resist tensile
loads in some connective tissues (e.g., arteries), most load-
bearing is attributable to extracellular matrix (1–3). Collagen is
the primary insoluble structural protein in the extracellular
matrix and the single most abundant protein in the animal
kingdom. Approximately 80–90% of collagen in humans exists
in the ﬁbrillar forms, types I, II, or III (4), with the major
load-bearing function typically performed by type I, and, to a
lesser extent, type III collagen (5). Many cell types increase
collagen synthesis in response to mechanical stimuli (6, 7), but
achieving normal load bearing capacity also depends on effective
ﬁbrillogenesis, which in turn is inﬂuenced by factors such as
reticular collagens, proteoglycans, and cross-linking enzymes
(8–10).
Despite having a detailed understanding of the molecular
events of collagen assembly, our understanding of processes that
govern the formation of bulk tissues remains wanting. To
develop a better understanding of the genesis, development, and
adaptability of soft connective tissues, it is necessary to go
beyond the single molecule and to consider assemblies of cells
and matrix working dynamically as a composite material. In this
report, we describe progress in the development of specialized
bioreactors, intravital imaging tools, and mathematical models
that allow us both to track in real time and to predict collagen
deposition during the development of engineered tissues. We
focus on smooth muscle seeded engineered arteries for illustra-
tive purposes, but the imaging tools and modeling principles can
be extended to other collagen-producing cell types and tissues.
The bioreactors were designed with optical-quality windows that
allow nonlinear optical microscopic (NLOM) imaging of devel-
oping collagen ﬁbers; they also enable the delivery of tightly
controlled, mechanical cues (11). A mathematical model of
polymer degradation and collagen deposition was also formu-
lated to enable comparisons of predicted tissue mechanics and
experimental measurements. Although still at an early stage,
these evolving tools promise to aid greatly the engineering of
diverse collagen-based connective tissues and thereby advance
the ﬁeld of regenerative medicine.
Results
Formulation of a Mathematical Model. Standard polyglycolic acid
(PGA) has a modulus of elasticity ≈7 GPa, maximum, and an
extensibility of 15–20% (12). Chemical pretreatments of PGA
(e.g., immersion in 1.0 M NaOH) reduce its half-life to 25–35
days, shortening its load carrying capability to 20 days (13); this
degradation can be captured via a ﬁrst order kinetic model (14).
Often seeded with ≈5 × 106 cells per mL, smooth muscle cell
(SMC) density within PGA constructs can increase within just 8
weeks to ≈7.5 × 107 cells per mL, or 15-fold. Collagen content
can increase from 0 to 45% (by dry weight), with orientations
(primarily axial, circumferential, and helical) after 8 weeks of
culture similar to those of native arteries (15, 16).
Classical equations of arterial mechanics are (linear momen-
tum and constitutive, respectively)
divt ¼ ρa;  t ¼ 2F ∂W
∂C
FT − pI; [1]
where t is the Cauchy (true) stress tensor, ρ is the mass density,
a is the acceleration, F is the deformation gradient tensor, C (=
FTF) is the right Cauchy–Green tensor, W(C) is the strain-
energy, p is a Lagrange multiplier that enforces isochoric mo-
tions during transient loading, and I is the identity tensor.
Because inertial loads are typically negligible, a ∼ 0 and defor-
mations over the cardiac cycle can be treated as quasi-static (17).
To account for growth and remodeling (G&R), we assume
that k = 1, 2, . . ., n structurally signiﬁcant constituents can
possess different natural (stress-free) conﬁgurations, material
properties, and rates and extents of turnover, and yet be con-
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strained to move with the overall mixture (artery). That is, xk ≡
x, thus deformation gradients experienced by individual constit-
uents are Fn(τ)
k (s) = ∂xk(s)/∂Xk(τ) ≡ ∂x(s)/∂Xk(τ), where s denotes
the current G&R time and τ ∈ [0, s] denotes the time at which
constituent k was produced relative to its individual natural
conﬁguration. The energy stored in a tissue due to deformation
may be written as the sum of energies stored in individual con-
stituents, namely W(s) = Σ Wk(Cn(τ)k (s)). Because some con-
stituents are continually produced and removed, we postulate
that (18)
WkðsÞ ¼ ρ
kð0Þ
ρðsÞ Q
kðsÞ bWkðCknð0ÞðsÞÞ
þ
Z s
0
mkðτÞ
ρðsÞ q
kðs− τÞ bWkðCknðτÞðsÞÞdτ;
[2]
where ρk(0) is the initial constituent mass density, ρ(s) = Σ ρk(s)
is the overall mass density of the tissue, Qk(s) ∈ [0, 1] is the
fraction of constituents produced before s = 0 that survive to
current time s, mk(τ) > 0 is the true mass density production rate
(e.g., matrix synthesis or cell proliferation), and qk(s − τ) ∈ [0, 1]
the fraction of constituents produced at a prior time τ that
survives to current time s. Noting that s = 0 is the time at which
G&R commences, the heredity integral contribution is similar to
the concept of fading memory in nonlinear viscoelasticity;
constituents typically contribute more to load bearing the more
recently they were produced.
Similar to the form of Eq. 2, mass balance for individual
constituents can be accounted for via
ρkðsÞ ¼ ρkð0ÞQkðsÞ þ
Z s
0
mkðτÞqkðs− τÞdτ: [3]
It can be shown that both at s = 0, and in the case of tissue
maintenance (i.e., balanced production and removal of constit-
uents), Eqs. 2 and 3 recover the usual rule of mixtures as they
should: W(s) = Σ ϕk(s) bWkðsÞ, where ϕk(s) = ρk(s)/ρ(s) denotes
individual mass fractions and bWkðsÞ are constituent-speciﬁc
stored energy functions (18).
Hence, the general problem formulation reduces to solving
quasi-static equilibria given constitutive relations for individual
constituents: bWkðsÞ, mk(τ), and qk(s − τ). The G&R framework
represented by Eqs. 1 to 3 can be adapted easily to describe the
development of engineered collagenous tissues, with the primary
need being to identify and implement appropriate constitutive
relations for the evolving construct. For relations for tubular
tissue initially consisting of cells seeded on PGA and subjected
to cyclic strain, see Materials and Methods.
Modeling Results for Engineered Tubular Tissues. Fig. 1A shows that
the simulated engineered vessel was predicted to atrophy as the
PGA degraded and then to thicken as SMC proliferated and
increased their synthesis of collagen. If one assumed that basal
collagen production rates, comparable with native tissues, were
achieved by the end of the 8-week culture period, then the model
(dashed curve) under-predicted measured values (≈0.3 mm) of
wall thickness (19, 20). If, instead, the basal rate was chosen to
yield the correct wall thickness at 8 weeks (solid curve), then the
model predicted that steady state turnover would not be
achieved within 8 weeks. Empirical observations of engineered
vessels (19, 20) suggest that rates of collagen production and cell
division are much higher in the engineered tissues than in mature
native arteries.
Fig. 1B shows that the predicted mechanical behavior transi-
tioned quickly from that of a stiff PGA polymer (classical
neo-Hookean type response) to that of a soft tissue (Fung-type
exponential). Because mechanical properties of PGA scaffolds
are negligible after 3 weeks (13), while collagen accumulates
throughout the culture period (16, 19), this result seems reason-
able. More importantly, the predicted mean circumferential
Cauchy stress-stretch behavior at 8 weeks was very similar to that
observed for engineered arteries cultured for 7.5 weeks under
cyclic strains (Fig. 1C) (21). This good agreement between
predicted and empirical ﬁndings suggests that the basic model
can capture salient aspects of collagen deposition and organi-
zation after long culture periods.
Collagen Fibers Observed Using NLOM. To better understand and
quantify the formation of collagen ﬁbers during culture, vessels
Fig. 1. Results from modeling and experiments for tubular constructs cul-
tured at Λθ = 1.015 and Λz = 1.00; results were similar for Λz = 1.015 or 1.03.
(A) Predicted time course of construct thickness during culture for f= 90 beats
per minute (bpm); results were similar for 180 bpm. The dashed line shows
results based on the assumption that a steady state turnover was achieved at
8weeks,whereas the solid line shows results basedon the assumption that the
construct reached its actual thickness at 8 weeks. (B) Evolving circumferential
Cauchy stress-stretch behavior for the theoretical engineered vessel. Light
curves show results for f = 90 bpm, whereas dark curves show results for 180
bpm. Note that effects of frequency were predicted to be modest, consistent
with previous experimental observations (37, 43). (C) Measured stress-stretch
data for an actual engineered vessel after 7.5 weeks of culture (data from ref.
21), showing 10 cycles of inﬂation from 0–120-mm Hg. Note the similarity in
overall behavior to the predicted behavior in B and that the model was not
designed to account for preconditioning effects.
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were grown in redesigned bioreactors having optical windows
that enable direct observation of construct architecture (Fig. 2).
Vessels were imaged at select times during the 8-week culture
period to construct a time course of collagen ﬁber deposition
and alignment. Whereas we did not monitor individual con-
structs throughout culture, the bioreactors were designed to
interface with the NLOM system without compromising sterility,
thereby enabling future serial measurements.
Strong two-photon excited ﬂuorescence (TPF), arising from
PGA and cells, and second harmonic generation (SHG), arising
from collagen, were spectrally distinct. Representative images at
depths of 30–135 μm are shown in Fig. 3 A–D. Distributions of
collagen ﬁber orientations were calculated from SHG images
using Fourier analysis and custom software (Continuity, courtesy
of A. D. McCulloch, University of California at San Diego, La
Jolla, CA). Quantiﬁcation included an Alignment Index (AI),
which is deﬁned as the fraction of collagen ﬁbers oriented within
20° of a predominant direction and ranges from random (1.0) to
strong (4.6) alignment (22). At 2 weeks of culture, collagen was
adjacent to seeded cells and PGA ﬁbers, although the sparseness
of collagen and noncompacted nature of the PGA scaffold
precluded accurate computation of an average ﬁber alignment
(Fig. 3A). At 4 weeks, considerably more collagen had been
deposited and aligned along remaining PGA ﬁbers, thus reveal-
ing one effect of scaffold ﬁbers on collagen deposition (Fig. 3B).
Collagen alignment was particularly noticeable in outer layers of
the construct, coincident with polymer ﬁbers.
At 6 weeks of culture (Fig. 3C), collagen density had increased,
and so too the dispersion of orientation angles. This increased
dispersion likely reﬂected both a waning inﬂuence of the
degrading PGA in directing collagen orientation and an in-
creased signiﬁcance of cellular responses to mechanical stimuli
applied by the bioreactor. These trends continued at 8 weeks
(Fig. 3D), thus suggesting a progressively increasing distensibility
(see Fig. 1C) and near isotropy.
A cumulative plot of collagen ﬁber orientations throughout
the wall of the 8-week construct (Fig. 3E) was consistent with
alignment of four predominant “families” within the image
plane. Collagen ﬁber families were centered approximately at 0°,
±45°, and 90° (note, the 90° family wraps approximately from
+90° to −90°). These orientations are consistent with our prior
observations of collagen ﬁbers in engineered vessels by trans-
mission electron microscopy (15) and with model predictions,
i.e., the model predicted that mass fractions for the four pri-
mary families of collagen ﬁbers evolved to comparable values
at 8 weeks (≈33% axial, ≈37% circumferential, and ≈30% for
the axially symmetric helical families); thus suggesting a near
isotropy in bulk behavior, as might be expected given the
culture conditions of cyclic circumferential stretches from 1.0
to 1.015 and constant axial stretches of 1.0.
Discussion
Progress in tissue engineering has been signiﬁcant over the past
two decades, with most attention focused on biochemical culture
conditions, cellular interactions with synthetic matrices, and the
like (23). Nevertheless, these efforts alone have not led to many
clinical successes in connective tissue replacement. For many
tissues, such as skin, ligament, tendon, and arteries, synthetic
materials or native tissues are still the mainstays of therapy
Fig. 3. NLOM imaging of constructs from 2–8 weeks of culture. Pseudocol-
ored images of PGA polymer and cellular material (red panels) and collagen
ﬁbers (green panels). (A and B) Fibers of PGA scaffold were clearly visible at 2
and 4 weeks, with collagen deposition running parallel to PGA ﬁbers. (B–D)
Local collagen alignment with PGA ﬁbers decreased as the PGA degraded, as
revealed by the AI computed for the collagen ﬁbers at weeks 4–8. Depth of
image acquisition into the vessel wall is shown in micrometers. (Scale bar in A
Upper Left applies to all images.) (E) Projection of all collagen ﬁber angles
from 8-week specimen.
Fig. 2. Imaging bioreactor for vessel culture. Imaging window can slide up
and down such that the optical glass can be brought into direct contact with
the engineered tissue. Side (A) and top (B) views.
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because engineered tissues do not have sufﬁcient tensile strength
to function properly in vivo (24–26). Even in instances where
strong tissues have been generated (19, 27, 28), we have only a
limited understanding as to how and why such improvements
have been realized. Without noninvasive, serial assessments of
extracellular matrix development, combined with a unifying
conceptual understanding of matrix deposition and organiza-
tion, our path to understanding the impact of culture conditions
on matrix deposition and mechanics will continue to be slow.
The present model predictions of overall vessel morphology
and mechanics agreed well with experiment at 8 weeks of
culture, thus suggesting that it is possible to establish a mathe-
matical framework for predicting and understanding the devel-
opment of engineered collagenous matrix. In addition, the model
predicted the development of four families of collagen ﬁbers that
were consistent with observations from NLOM and prior mea-
surements by transmission electron microscopy. Nevertheless,
there is a need to reﬁne the model based on additional data. For
example, NLOM imaging showed that during early periods of
culture, collagen ﬁber alignment largely paralleled the orienta-
tion of PGA ﬁbers, which possessed an aggregate alignment
based upon the method of manufacture of the mesh scaffold.
Because PGA ﬁbers are only 13 μm in diameter, whereas the
long axis of an SMC can be >50 μm, it is likely that adherent
SMC extended along the long axis of the PGA ﬁbers. Several
investigators have shown that collagen-producing cells secrete
collagen along their long axes (29, 30); hence cellular alignment
along PGA ﬁbers may have “forced” the direction of collagen
ﬁber deposition, at least at early times during culture before the
PGA ﬁbers degraded. Only after the scaffold ﬁbers degraded did
SMC presumably reorient consistent with macroscopic stress or
strain ﬁelds and then deposit collagen ﬁbers along directions
dictated by applied loads.
There is need to understand more fully the transition from
scaffold architecture-dominated to load-dominated organization
of deposited collagen ﬁbers, including radial gradients therein.
We also need to understand better how nonequibiaxial stress or
strain ﬁelds dictate the orientation of subsequently synthesized
collagen. Finally, there is a need to understand better the effects
of different additives in the culture medium, which has been
tailored to maximize collagen synthesis, thereby resulting in
collagen deposition rates that are far greater than those typically
observed in vivo. In other words, we must increase our under-
standing and incorporation of chemo-mechanical stimuli on the
matrix deposition by connective tissue cells.
Our results show further that nondestructive, high-resolution
NLOM offers complementary information to traditional histo-
chemical-based assessments of developing tissue-engineered
constructs. NLOM accesses a wealth of nonlinear optical signals
that are speciﬁc to biological molecules and their chemical
environments (31–33). Coincidence of collagen deposition with
PGA ﬁbers was highlighted in NLOM by constituent-speciﬁc,
endogenous signals (SHG and TPF, respectively) (34–36).
NLOM is particularly sensitive to the extracellular matrix,
especially ﬁbrillar collagens and mature elastin, without the use
of exogenous labels. These attributes make NLOM well suited
for serial measurements of engineered constructs during culture.
Associated quantiﬁcation of evolving distributions of collagen
ﬁbers promise to enable reﬁnements in the modeling, thus
permitting iterative improvements in theory-based design of
culture conditions.
In summary, we have described mathematical modeling ap-
proaches and imaging techniques that allow us to predict, track,
and quantify collagenous extracellular matrix production in
engineered tissues. Although the speciﬁc model tissue discussed
here was tubular and grown from an SMC-seeded PGA scaffold,
both the modeling framework and the imaging strategies could
be adapted to other connective tissues and cell types. Guided by
further experimentation and imaging, we expect that mathemat-
ical models for evolving connective tissue mechanics will con-
tinue to be reﬁned, thereby enhancing our global understanding
of connective tissue regeneration.
Materials and Methods
Predictive Model for Engineered Tissues. We assumed that the primary tensile
load-bearing constituents are the synthetic PGA, which degrades over time,
ﬁbrillar collagen (k = c), and passive smoothmuscle (k =m). Associated stored
energy functionswere assumed to be of neo-Hookean and exponential forms,
bWPGAðsÞ ¼ cPGAððλPGAθ Þ2þðλPGAz Þ2 þ 1ðλPGAθ λPGAz Þ2 − 3Þ; [A1]
bWkðsÞ ¼ ck1
4ck2
ðexp
h
ck2

λknðτÞðsÞ2 − 1
2i
− 1

; [A2]
where ci
k (k = c or m) are material parameters. Individual ﬁber stretches are
related easily to overall tissue stretches Λθ and Λz via (18)
λknðτÞðsÞ ¼ Gkh
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
Λ2z ðsÞcos2αk0 þ Λ2θðsÞsin2 αko
q
ﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
Λ2z ðτÞcos2αk0 þ Λ2θðτÞsin2 αko
q [A3]
whereGh
k are values atwhichﬁbers are incorporatedwithin extantmatrix, and
αok are angles between ﬁber orientations and the z-direction in the original
unloaded conﬁguration. Here, the former were assumed to be similar to those
in native arteries, hence Gh
c ∼ 1.08 and Ghm ∼ 1.20; the latter were assumed to
represent axial (0 radians), circumferential (π/2 radians), and symmetric helical
(± π/4 radians)ﬁbers, consistentwithourprevious observations (15). Hence, the
overall material symmetry of the growing tissue was modeled via chang-
ing distributions of ﬁbers, i.e., the combination of unloaded orientations and
evolving mass fractions for the individual families of ﬁbers. Note, too, that the
ﬁbers were allowed to reorient afﬁnely during deformation so as to account
for any load-induced changes in anisotropy.
With regard to material properties, we let cPGA ∼ 6 GPa (12) as well as (c1c,
c2
c) = (560.4 kPa, 22) for all four families of collagen ﬁbers and (c1
m, c2
m) = (36.5
kPa, 3.5) for passive SMC (18). Although changes in collagen cross-linking can
be accounted for by evolving c1
c, we recently found no signiﬁcant difference in
cross-link density at 7 weeks due to pulsatile stimuli (37), and thus did not
attempt to model changing cross-links. Obviously, values for other speciﬁc
polymer scaffolds and cell types may be incorporated to ﬁt different experi-
mental scenarios. Because the contractile capacity of SMC in engineered
vascular tissues is only ≈1.5% of native (16), SMC contractility was ignored,
thereby rendering the cellular elements similar to ﬁbroblasts or other non-
contractile mesenchymal cells for purposes of this model.
At time s = 0, the construct consists solely of PGA scaffold and seeded cells
that were assumed not to bear load (i.e., ϕPGA(0) = 1). The PGA degrades
thereafter, hence
ϕPGAðsÞ ¼ ϕPGAð0Þexp
h
 kPGAq s
i
[A4]
where kq
PGA ∼ 1/10 day−1 (13). A candidate model for capturing collagen
production is*
mcðτÞ ¼ mcbasalξmðτÞ

1þ Kω

ωðτÞ−ωh
ωh

:

1þ Kcλ

λcðτÞ−Gch
Gch

; [A5]
where ξm(τ) captures an increasing synthetic capability due to early prolifer-
ation of SMC, which was modeled as simple exponential growth ξm(τ) = 1 −
exp[−κτ] with κ = 0.2 day−1 (39). Initial values for the gain-type parameters
were Kω = 0.5 and Kλ
c = 10, with ωh = 2π(90), but these values can be tuned
depending on experimental ﬁndings.
*Most prior models of arterial growth and remodeling employ stress as a convenient
metric for driving turnover, but the presence of the inner silicone tube renders calculation
of wall stress less clear in these PGA-based systems; hence, cyclic stretch was used as the
metric because of its ease of measurement in vitro; see ref. 38.
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Collagen removal was assumed to follow ﬁrst-order kinetics, hence
qcðs; τÞ ¼ exp
Z s
τ
−Kcqð~τÞd~τ

; [A6]
where Kq
c ranges from ∼1/80 day−1 in normal arteries to ∼1/8 day−1 in extreme
hypertension. Finally, for purposes of simulation, we let the original radius,
wall thickness, and length be A (0) = 3.0 mm, H (0) = 0.1 mm, and L (0) = 70
mm (13), although these may be tailored as well. Baseline values of the
imposed overall stretches were Λθ = 1.015 and Λz = 1.00, consistent with
typical prescribed loading conditions (21).
Vessel Culture for Mechanical Testing. Thebioreactor systems, cell seeding, and
medium replenishment proceeded as described previously (21). Vessels cul-
tured for 7.5 weeks under pulsatile conditions were subjected to biaxial
mechanical testing, with axial length ﬁxed at the length of the vessel in the
bioreactor, as described previously (21). Vessels were cyclically inﬂated from 0
to 120 mmHg over 10 cycles, and strain was recorded by tracking the move-
ments of markers placed on the vessel surface.
Imaging Bioreactor Preparation and Assembly. Glass bioreactors were hand-
blown having side-arms to allow ﬂow of perfusion ﬂuid, and a top opening to
allow placement of an occlusive cap or an imaging window (Fig. 2). The bio-
reactor arms were sealed with nylon o-rings and bushings having a 7.5-mm ID
hole in the center (AceGlass). The imagingwindowwas constructed from a 3-cm
glass tubeﬁttedwith apieceof 0.2-mmthickness optical glass at the bottom. The
glass imaging tube was positioned inside a silicone bushing that was threaded
intothe topof thebioreactorandsealedwitha siliconeo-ring.Thebushingando-
ringwere designed such that the imaging tube could slide up anddown in sterile
fashion, thereby allowing the imaging window to be brought close to the engi-
neered vessel for image acquisition, then retracted for resumption of culture.
Biodegradable PGA scaffolding (Concordia Fibers) was prepared in tubular
formand treatedwith 1.0MNaOHasdescribedpreviously (20, 40). PGAﬁbers in
the mesh scaffolding have some aggregate alignment due to the manu-
facturing processes used to make the nonwoven mesh (41). Silicone tubing
having an OD of 3.1 mm and known compliance (Saint Gobain Performance
Plastics) was threaded through the lumen so that applied cyclic pressurization
of the tubing resulted in known radial distensions of the construct.
Vessel Culture in Imaging Bioreactor. Bovine aortic SMC, passage 3, were
cultured in DMEM (Gibco) with 10% FBS and 1% penicillin-streptomycin. PGA
scaffoldswere seededwith a cell solution of 3 to 6× 106 cells permL; cells were
allowed to adhere for 30 min, after which the bioreactor was ﬁlled with
medium, as described previously (20). Vessels were cultured in the bioreactors
for 2–8 weeks. Pulsatile ﬂow of buffer was provided via a perfusion system to
distend the silicone tubing ≈1.5% at ≈150 beats per minute (20). The full
volume of medium in the bioreactor was replaced, or ascorbic acid was added
to the medium at 0.05 mg/mL, every 2 or 3 days.
Noninvasive Imaging. The NLOM system has been described previously (42).
Brieﬂy, sub-10-fs pulses, with center wavelength of 800 and 130 nm of
bandwidth from a Kerr-lens modelocked Ti:Al2O3 oscillator pumped by a
frequency doubled solid state Nd:YVO4 laser, were coupled to the epiﬂuor-
escence port of an upright microscope by dual axis galvanometer mirrors.
Imaging signals were collected by the focusing objective (backreﬂected ge-
ometry), separated from backscattered laser light by a short pass dichroic
mirror, and directed to a two-channel photomultiplier tube based photon-
counting detection system. Appropriate dichroic mirrors and bandpass ﬁlters
were used to selectively detect SHG from collagen and TPF from PGA and cells.
Custom software developed on Labview platform rendered 256 × 256 images
as fast as 1 Hz, but typical acquisition rates used here were eight times slower.
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